Intraventricular pressure gradients or hemodynamic forces, which are their global measure integrated over the left ventricular volume, have a fundamental importance in ventricular function. They may help revealing a sub-optimal cardiac function that is not evident in terms of tissue motion, which is naturally heterogeneous and variable, and can influence cardiac adaptation. However, hemodynamic forces are not utilized in clinical cardiology due to the unavailability of simple non-invasive measurement tools.
Introduction
Heart function is about creating and sustaining blood motion (Richter and Edelman, 2006 ) through a proper contractionrelaxation timing of the myocardial muscle. Recent advances in cardiac mechanics were primarily founded on the assessment of myocardial deformation (Shah and Solomon, 2012) . Echocardiography and cardiac magnetic resonance imaging (MRI) have permitted valuable clinical contributions to the non-invasive diagnosis of cardiac dysfunctions based on myocardial deformation (Claus et al., 2015) . However, every heart is different and the variability in geometry and local curvature of the left ventricle (LV) entails different amplitude and timing of regional motion (Bogaert and Rademakers, 2001; Maffessanti et al., 2011) . Different normal patterns of LV regional deformation allow a natural synchrony, which does not mean simultaneity, able to create the proper intraventricular pressure gradients (IVPGs) that drive blood motion during both ventricular ejection and ventricular filling. The absence of a unique, normal space-time deformation pattern introduces potential ambiguity in the assessment of early abnormalities. Differently, from the perspective of blood flow, an incorrect sequence of IVPGs and their deviation from the base-apex direction represent unequivocal indications of suboptimal function. Therefore, it may be advantageous to provide methods for assessment of IVPGs themselves.
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Clinical studies about base-apex IVPGs were based on catheterization in animal models (Courtois et al., 1988) and sometimes on the post-processing of color Doppler M-mode echocardiography (Firstenberg et al., 2000; Tonti et al., 2001) . Available results showed that IVPGs reach a maximum value, directed from base to apex, at the transition between systole and diastole; this dynamic actions corresponds to the deceleration of the systolic ejection and the later thrust to LV filling; conversely, pressure pushes from apex to base at late diastole preparing the systolic ejection. This dynamic rhythm is a clear marker of normal function that is altered in either systolic or diastolic dysfunctions and abolished during heart failure (Guerra et al., 2013b) . Despite their apparent importance, IVPGs have been rarely utilized in clinical cardiology due to the complexity of their acquisition.
Advancements in echocardiography and MRI allow the measurement of blood flow field inside the left ventricle (LV) and, from post-processing, the calculation of the corresponding pressure field (Ebbers et al., 2001; Cimino et al., 2012) . The concept of hemodynamic forces was then introduced as a mathematically welldefined global measure which corresponds to the integrated IVPGs inside the LV and represents the force exchanged between the blood and the surrounding tissue . In echocardiography, clinical studies based on a dedicated particle image velocimetry technique (Echo-PIV) demonstrated that hemodynamic forces are modified by alteration of LV synchrony, suggesting their potential ability to predict remodeling in patients undergoing cardiac resynchronization therapy . The application of Echo-PIV requires injection of contrast agent and high quality images recorded at high frame rate: a procedure that is not routinely feasible and that requires specific expertise.
Phase-contrast MRI (PC-MRI) represents the reference standard for measuring blood velocities in the heart and large vessels, although it requires valuable equipment and competence that limit its routine clinical use. Three-dimensional (3D) PC-MRI (often referred as 4D flow MRI) was used to evaluate hemodynamic forces in the LV on both normal and diseased subjects (Arvidsson et al., 2016b; Eriksson et al., 2016) . PC-MRI force measurements were highly reproducible (Töger et al., 2016) and demonstrated a consistent pattern in normal subjects, where forces are directed along the LV axis, which is noticeably altered in dilated and dysfunctional hearts.
Hemodynamic forces, or equivalently IVPGs, depend on the details of intraventricular flow; nevertheless, a large part of them can be imputable to the gross flow properties that follow from the motion of the LV tissue and from the exchange of momentum across the mitral and aortic orifices. The aim of this study is that of introducing and validating a simplified low-dimensional model based on global balances in fluid dynamics that allows estimating the main features of the hemodynamic force vector from the dynamics of the endocardial tissue, not requiring knowledge of the velocity field inside the LV. This model is an extension and revision of one previously presented in a theoretical context with a truncated prolate spheroid geometry (Domenichini and Pedrizzetti, 2016) . The model is subjected to validation by comparison with results obtained by 4D flow MRI in a set of very heterogeneous subjects to assess its reliability and limitations.
Methods I: Clinical MR imaging
This study includes 3 healthy volunteers, 2 elite endurance athlete and 10 patients with heart failure in NYHA class ranging from II to IV. All normal subjects were originally included in a previously published study (Arvidsson et al., 2016b) . Cases were selected by one of the authors (PA) to represent a wide range of cardiac dimensions, both in health and disease, with the objective of testing the model under variable conditions, although with no aim of drawing any clinical conclusion. The study was performed in accordance with the Helsinki declaration; all subjects provided written informed consent.
MRI acquisition and quantification procedure was previously described (Arvidsson et al., 2016b; Kanski et al., 2015) and is briefly summarized here. All subjects underwent cardiovascular magnetic resonance imaging on a 1.5 T Philips Achieva (Philips, Best, The Netherlands), including balanced steady-state free precession (bSSFP) cine images in standard short-and long-axis projections and four-dimensional (4D = 3D + time) flow measurements by PC-MRI covering the whole heart. Retrospective ECG gating was used for both bSSFP and 4D flow imaging. The spatial resolution of bSSFP was 1.3 Â 1.3 mm in-plane with 8.0 mm slice thickness, acquired temporal resolution was 30 ms and the acquired data reconstructed to 30 timeframes per heartbeat; differently, the resolution of 4D flow measurements was 3 mm isotropic, acquired temporal resolution 50 ms, reconstructed to 40 timeframes per heartbeat.
To define the LV cavity for subsequent quantification of hemodynamic forces, the endocardial borders were delineated on each short-axis slice in all timeframes over the cardiac cycle, using the image analysis software Segment 2.0 (Medviso, Lund, Sweden) (Heiberg et al., 2010; Tufvesson et al., 2015) . Then, the global hemodynamic force vector was evaluated by computing the integral balance of momentum
where V(t) indicates the 3D LV flow domain and the integral is computed as the sum of values on each slice multiplied by the slice thickness; vðx; tÞ is the velocity vector
field measured with PC-MRI and q is the blood density (Arvidsson et al., 2016b) . The cross-sectional area of the aorta was measured using a separate 2D PC-MR flow acquisition in a plane perpendicular to the vessel in the proximal ascending aorta. Mitral inflow area was estimated by measuring the smallest cross-sectional area (vena contracta) of the E-wave inflow profile during peak early diastolic filling, using the 4D flow data (Arvidsson et al., 2016a) . Measurement methods were previously described and figures are in line with existing reference values (Carlsson et al., 2012; Kawel-Boehm et al., 2015; Steding et al., 2010) . Table 1 reports the main cardiac parameters relevant to this study. The LV cavity is also delineated separately on the long-axis projections for usage in the mathematical model. The endocardial border is segmented in each long axis projection in all timeframes with the same image analysis software; the three long axis endocardial borders are provided as input to the model.
Methods II: Mathematical model
The input data used by the model consists of the three long-axis LV borders at all MRI timeframes and the average valve areas.
The LV endocardial surface is reconstructed from the long-axis borders corresponding to the 2-, 3-and 4-chamber projections. To this purpose the LV axis on each projection is computed as the line connecting the center of the base with the apex, defined as the farther point. The three borders are combined by overlapping the three LV axis and considering a relative rotation by 60°using anatomical landmark on each slice to ensure correct circumferential sequence. The entire LV endocardial surface is then described by its 3D coordinates evaluated by interpolation on a structured mesh made of 36 points along the circumference and 32 points from base to apex; however, results were independent from the specific number of interpolation points. Volumes computed in this tri-plane simplified geometry resulted a little underestimated with respect to the complete 3D method, mainly because part of the higher outflow tract and sub-mitral volumes were cut away. Linear correlation showed that tri-plane end-systolic and end-diastolic volumes were 0.90 Â ESV and 0.91 Â EDV with correlation coefficient 0.999 and 0.997, respectively. The reconstructed endocardial boundary, shown in Fig. 1 for one normal case, is used for modeling the LV flow.
The two terms inside the integral (1) represent the inertial and convective terms, respectively. They can be rewritten expressing the second term as momentum flux at the boundaries
where S(t) is the boundary surface of the fluid domain, V(t), and n is the outward unit normal vector. The two terms are synthetically indicated by the symbols IðtÞ and MðtÞ. We outline below a method to estimate the integrals in (2) from global properties in absence of the knowledge of the velocity field inside the LV. The present model represents a revision of what previously introduced in a theoretical context (Domenichini and Pedrizzetti, 2016) with important improvements to ensure its general validity and to allow application to diagnostic imaging. Consider Cartesian coordinates with the z-axis directed from the LV apex (set at z = 0) to the center of the LV basal surface, the x-axis directed from the center of aortic outflow to that of the mitral orifice, i.e. from the anteroseptal to the inferolateral wall, and the y-axis perpendicular in a right-hand set. The z-coordinate ranges from 0 to the LV height H(t) and Aðz; tÞ indicates the transversal LV area at each level z such that the ventricular volume is
The inertial term on the right hand side of (2) can be computed exactly as
IðtÞ ¼ qVðtÞ
where UðtÞ is the velocity vector averaged in the entire LV cavity whose estimation allows one for IðtÞ. For the z-component we can write, at each level z, the balance of mass
where Vzðz; tÞ is the average velocity at level z. Eq. (5) can be immediately integrated to provide the z-component of the LV-averaged velocity to be inserted in (4)
The x-component of the LV averaged velocity is due to the transfer of momentum along x from the mitral inflow to the outflow tract. The average longitudinal velocity, Vzðz; tÞ, that appears in (5) is associated to a purely radial velocity on the transversal plane, that has no average component along x. For estimating a mean transversal motion, assume that the inflow/outflow fluid velocity is predominantly oriented along the z-direction and approximately symmetric with respect to the xz-plane. This is probably the main limitation of the model that does not account for the deviation of the inflow that may occur in presence of valvular anomalies, an effect that could especially influence the y-component of the force. Under this assumption, for the sake of evaluating balances averaged over the cross section, the vertical velocity is expressed as the sum of its mean value Vzðz; tÞ and an asymmetric component V ð1Þ z ðz; #; tÞ such that vzðx; y; z; tÞ % Vzðz; tÞ þ V ð1Þ z ðz; #; tÞ, where # is the circumferential coordinate, defined by x ¼ r cos #; y ¼ r sin # with r ¼ ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi ffi 
The specific solution (9) included the integration constant to have zero radial velocity at the boundary, assumed approximately circular of radius Rðz; tÞ ¼ 3 2A R A rdA, while a possible net boundary motion is accounted separately below. Solution (9) also included the additional constraint that this velocity is irrotational to avoid appearance of spurious vorticity from arguments based on mass balance only. To better exemplify this point, the velocity field (9) is shown in Fig. 2a ; its combination with a (arbitrary) positive radial flow corresponding to diastole and a negative radial flow in systole are shown in Fig. 2b and c, respectively. Integrating (9) over the cross-section and along the LV axis allows estimating the x-component of the velocity averaged in the LV 
Introduction of (12) into (10) 
where A mv and A ao are the areas the mitral and aortic orifices, respectively. Estimations (14) are valid under the additional hypothesis of no regurgitation, either mitral or aortic. For completeness, we can consider the y-component UyðtÞ, which in the present approximation of vertical inflow and outflow with symmetry break limited to the x direction, is only due to the transversal motion of the wall U y ðtÞ ¼ 1 VðtÞ
The convective term MðtÞ in (2) can be evaluated from the knowledge of the velocity distribution on the lateral wall surface, S lat , and on the basal surface. The velocity of the lateral walls is usually measurable by imaging methods and the expression of the normal vector n can also be computed from the instantaneous surface geometry to give the flux of momentum on the lateral wall.
On the valvular plane, assumed in first approximation with normal n = [0 0 1], the z-component of the velocity is approximated by v z ðx; y; H; tÞ % V z ðH; tÞ þ v ð1Þ z ðH; tÞ cos #:
In the same approximation, the x-component of the velocity is given by (7) and (9) v x ðx; y; H; tÞ % À r 2
where the last term is included to account for the circulation given by the diastolic vortex formation in the LV; this term is zero on average but is normally present at the base. Eq. (17) can be recast using (5) and (12) as v x ðx; y; H; tÞ % r 2
where CðtÞ is the vortex circulation (the vortex-induced velocity, assumed constant thorough the base, accounts for half the circulation and for its image). The circulation obeys the vortex formation process due to the roll-up of the mitral shear layer, of intensity 2v
ð1Þ z , and a linear decay process, 
where the dissipation decay time is taken s ¼ 0:1T to ensure a complete vortex dissipation within less than one third of the heartbeat in normal subjects as commonly observed. However, results were found to depend very weakly on this specific value until the order of magnitude is maintained; this decays time was introduced just to avoid the persistence of the vortex into systole. Fourier time-decomposition easily solves Eq. (19) ensuring the condition that circulation is a periodic function. Performing the integral in (2) involving (16) and (18) provides the following 
where the first term on the right hand side is the flux of momentum on the lateral wall and the second terms represent that through the base with all quantities therein evaluated at the valvular level.
Results
The time profiles of the hemodynamic force (measured in Newton) evaluated from PC-MRI and estimated from the mathematical model are visually compared for each subject in Figs. 3 and 4 for the base-apex and the inferolateral-anteroseptal components, respectively. Table 2 reports the correlation coefficients between the time profiles which measures the similarity in the time fluctuations. Here, a small displacement of max ±1 time interval between two frames was allowed to improve alignment of the profiles accounting for the different time resolution between PC-MRI, used to compute the force, and bSSFP cine images from which endocardial borders are extracted. It should also be remarked that the two recordings were not simultaneous and the heartbeat rate can vary between the two, as shown in Table 1 ; some further differences can be imputable to the different segmentation of the cavity that is made of parallel short axis slices in MRI while the model combines the 3 long axis borders. The model reproduces the main features of the longitudinal forces, shown in Fig. 3 , in terms of amplitude and time profile with correlation coefficients above 0.7 for most subjects. Similarity is lower for the anteroseptalinferolateral component of the force, shown in Fig. 4 , the main time variations are only partly followed although it is important to notice how the model captures the relative entity of the force component, which is highly variable among subjects. The third force component (not shown in the graphs) is largely underestimated and was included in the model for completeness only. This component is primarily caused by details of LV structural orientation at the inflow and outflow tracts that break the left-right symmetry hypothesized here.
An integrated quantitative comparison of the force amplitude is given in Fig. 5 that reports the root mean square (RMS) values of the longitudinal and transversal force components. The correlations between measured and estimated values are evaluated by a direct linear fit of the type y ¼ ax; figures confirm that the model provides a good correlation (r = 0.88) and non-biased (best fit: y ¼ 0:98x) estimation of the overall longitudinal force entity. The correlation is good for the transversal force as well (r = 0.84), although the model gives a small underestimation of the RMS value (best fit: y ¼ 0:87x).
Discussion
Hemodynamic forces, or IVPGs, drive blood motion during both ventricular ejection and ventricular filling. They represent the ultimate result of LV deformation and play a central role in cardiac function that governs blood flow. Moreover, flow-mediated forces influence cardiomyocyte hypertrophy and ventricular chamber enlargement and, therefore, participate to cardiac adaptation (Andrés-Delgado and Mercader, 2016; Pasipoularides, 2015; Pedrizzetti et al., 2014) . Despite their potential relevance, hemodynamic forces are not part of the clinical diagnostic process due to the complexity of their acquisition. This study introduces a method for estimating hemodynamic forces, or IVPGs, without the need of measuring blood flow, from the motion of the LV endocardial boundary, which can be valuated non-invasively in both cardiac MRI and echocardiography. Non-invasive measurement of IVPGs was previously proposed in echocardiography by post-processing of M-mode color Doppler (Bermejo et al., 2001; Firstenberg et al., 2000; Greenberg et al., 2001; Tonti et al., 2001) . That approach, which integrated the Euler equation along the ultrasound beam assumed as a flow streamline, has not seen widespread use. One reason could be its limitation of evaluating along one single line with just one velocity component. Another reason could be imputable to reliability of color Doppler for quantification, or simply the availability of quantification tools. More recently, hemodynamic forces were evaluated by Echo-PIV . Echo-PIV presents several limitations in accuracy that make it more appropriate for detecting changes in the same patient over time than it is for absolute measurements. The need of infusion a contrast agent also complicates its application. PC-MRI represents the most generally reliable tool for measuring blood velocities and hemodynamic forces in the heart (Arvidsson et al., 2016b; Eriksson et al., 2016) . It presents a limitation in terms of time resolution, which can be important for computing the inertial term, and by the fact that recording is an average over numerous heartbeats. Nevertheless, PC-MRI is the reference standard for measuring multidimensional blood motion. This is why it was used for the validation of the present method.
In clinical applications, only the time profile of longitudinal (base-apex) IVPGs were considered so far (Courtois et al., 1988; Guerra et al., 2013a,b) . The force component along the inferolateral-anteroseptal direction was considered only in terms of its entity relative to the longitudinal leading to misalignment between IVPGs and LV axis (Cicchitti et al., 2016; Pedrizzetti et al., 2016 ). The present model for the longitudinal force is relatively straightforward and based on first physical principles. Differently, assumptions about intraventricular flow was necessarily introduced for drawing transversal balances, ignoring intraventricular vortex instabilities and assuming mitral jet and the aortic outflow aligned with the LV axis. These assumptions limit the accuracy in estimating transversal force; nevertheless, some mean properties, like the variations of amplitude among subjects are still captured with good correlation.
It is worth mentioning that 4D flow and bSSFP recordings were not simultaneous and may present some differences, which is more likely in unstable patients as well as in cases presenting different heartbeat periods (T SSFP and T 4DFlow in Table 1 ), that would reduce the comparability. The current findings suggest that minor differences between subsequent recordings influence the time profile of the transversal force more than the longitudinal, although they do not affect much the force amplitude or RMS.
The model introduced here allows quantification of hemodynamic forces using routine clinically used scans, instead of timeconsuming flow measurements requiring advanced postprocessing. It may represent a potential integration to the existing methods of quantifying deformation in cardiac imaging. The endocardial borders, evaluated by MRI feature tracking or echocardiographic speckle tracking, could be used directly as input to the present model to provide a non-invasive assessment of hemodynamic forces.
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